Introduction
Health and well-being is recognized as one of the growing challenges in today's ageing society requiring easy-to-use monitoring tools for daily life. One of the emerging trends is preventive health care, which is turning research towards point-of-care diagnostics and qualitative and quantitative detection of biological and chemical species such as disease markers. 1 In many cases culturing and labelling is required, making diagnostics slow and sometimes even cumbersome, directing the efforts to development of label-free techniques. Quantitative label free charge based detection of analytes has been recently demonstrated with carbon nanotube (CNT), graphene and semiconductor nanowire based sensors. [2] [3] [4] [5] Regarding graphene, different forms varying from functionalized reduced graphene oxide (rGO) mixtures to pristine graphene have been utilized in sensors. [6] [7] [8] [9] [10] Graphene field effect transistors (GFET) are extremely sensitive to charges residing in the vicinity of the graphene channel. 11 Charges have a strong effect on the position of the Dirac peak, which provides a measure of the amount of charge carried by the analytes. Because most biomolecules, such as antibodies, DNA, peptides, proteins and lipids are inherently charged, their detection with field effect sensors is essentially label-free. Compared to other FET-type sensors, for example silicon nanowires, GFETs have similar charge sensitivity but larger surface area for functionalization, higher chemical stability and much larger fabrication tolerances. The main challenges are related to bio-recognition, particularly to the reliable and reproducible immobilization of the receptor layer for selective binding of the desired analyte.
Hydrophobin proteins have been optimized by evolution to assemble at interfaces. 12 The proteins have a hydrophobic patch which binds relatively strongly to hydrophobic surfaces, such as graphene, through van der Waals interactions and form a dense monomolecular layer with a specific molecular orientation, [13] [14] [15] [16] Hydrophobin binding on graphene has been previously utilized to exfoliate graphene 15 and to employ hydrophobin fusion proteins as binders in graphene-nanofibrillous cellulose composites 17 . Hydrophobins have also been used with immobilized glucose oxidase in amperometric sensing of glucose on platinum, 18 in multi-wall carbon nanotube electrodes 19 and with immobilized choline oxidase for choline detection on gold electrodes. 20 In this work, we report on a generic biosensor concept which combines the high charge sensitivity of the GFET with receptor modules that are produced separately providing both the immobilization and sensing functions. Receptor modules are fusion proteins with the receptor molecule genetically attached to an HFBI hydrophobin anchor which provides the immobilization. The modules are produced in fungi or plants using fusion techniques and are purified before use. The attachment relies on directed self-assembly, resulting in a dense and well-oriented monolayer of the modules on the GFET channel. The approach enables a single step in situ functionalization of the sensor with purified receptor modules, and also in situ removal of the modules and re-functionalization, i.e., programming. In addition, it is shown that the module monolayers on GFET survive drying and re-wetting without losing sensitivity to analyte, thus making possible to realize disposable chips which are sensitized to a preselected analyte. We first demonstrate the sensor concept using receptor modules with HFBI anchor and Z E peptide as the receptor to detect the Z R peptide. The advantage of these helical peptides is their small size which should not hinder the self-assembly of the hydrophobins on graphene, and their relatively well defined charge. As a more realistic test case we use HFBI-Protein A receptor modules and immunoglobulin analyte. Protein A is known to bind different immunoglobulin subclasses, with highest affinity to the members of the IgG class and was applied here to detect IgG1 antibody. The sensor device and measurement configuration are schematically depicted in Figure 1 . Functionalized GFET biosensor and measurement configuration shown schematically. V L is the liquid gate voltage and R is the graphene channel resistance. In this case the GFET channel is functionalized with a monolayer of HFBI-Z E receptor modules and the charge of the modules define the resistance of the channel, i.e., fix the position of the Dirac peak. The analyte molecules bound by the receptors shift the position of the peak and the amount of the shift provides information of the concentration of the analyte in the sample.
Experimental section
Fabrication of the graphene field effect transistors. GFETs were fabricated from graphene grown by photo-thermal chemical vapour deposition (PT-CVD) on copper foil (Alfa Aesar, 99.999 %). 21 Monolayer graphene was transferred using a sacrificial polymethylmethacrylate (PMMA) support onto a silicon substrate covered with a 300 nm thick thermal silicon dioxide layer. The SiO 2 surface was treated with hexamethyldisilazane (HMDS) to promote adhesion and to enhance the electrical characteristics of graphene. 22 The copper foil was etched in alkaline solution. PMMA support was removed in subsequent ultrasonic baths of acetone, isopropanol and de-ionized water, followed by a 3 hour anneal at 350 °C in vacuum. The clean graphene surface was protected with a 20 nm thick TiO 2 layer grown by atomic layer deposition (ALD). To initiate the ALD growth, a 1 nm thick layer of Ti was first evaporated on graphene and was allowed to oxidize. Graphene was patterned using optical lithography and oxygen plasma. The electrical contacts were formed by thin evaporated Ti/Au (5/50 nm) metallization and lift-off. The electrodes around the channels were protected from the liquid environment with a 85 nm thick TiO 2 layer grown by ALD. 30 µm x 190 µm graphene channels were opened in polysilicon etch and the chips were wire bonded to chip carriers.
Receptor modules and analytes. HFBI-Protein A modules were produced in transient expression mode in Nicotiana tabacum plants via agroinfiltration as described previously. 23 Proteins were extracted for purification by homogenizing frozen leaves in PBS buffer supplemented with 2% (W/V) sodium ascorbate, and 1 mM EDTA (4x buffer volume/leaf weight). The homogenate was clarified twice by centrifugation (10 min at 3220 g at 4 o C). The supernatant was warmed to RT and mixed with Triton X-114 (3% w/v, Sigma Aldrich, USA). The phases were allowed to separate at room temperature. The top (detergent-poor) phase was removed and the detergent phase was washed with isobutanol (10x volume / detergent mass). After buffer exchange, the extract was polished by affinity chromatography using a Streptactin macroprep column according the manufacturers protocol (IBA, Germany).
The fusion protein HFBI-Z E was produced in the filamentous fungus Trichoderma reesei. 15 The fusion proteins were purified by standard two-phase extraction procedure as described previously. 23, 24 Proteins were diluted to the concentration of 0.1 mg/ml in the buffer solution (100 mM sodium phosphate pH 7). This concentration has been found to suit best to QCM investigations with hydrophobin fusions.
Sequences of Z E and Z R regions 25
The analyte for HFBI-Z E was a synthetic peptide Z R (5 kDa, Biomatik Co., Ontario, Canada) and for HFBIProtein A antibody IgG1 lambda (150 kDa, Sigma Aldrich, St.Louis, USA).
The estimation of net charges of the peptides and hydrophobin was carried out by summing the charges of each of the amino acids using the pKa values. For Z E and Z R the assumption was that all the side chains can have effect on the net charge. For HFBI the cysteine amino acids were excluded from the net charge calculation since it is known that they form sulfur bridges with each other thus stabilizing the hydrophobin structure, and not affecting the net charge.
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Atomic force microscopy (AFM). Topography images of HFBI -Protein A and HFBI -Z E layers on graphene were captured with NanoScopeV Multimode8 AFM (E scanner, Bruker). As deposited CVD graphene on catalytic metal surface (Pt) and CVD graphene transferred on SiO 2 were used as substrates. Self-assembly of the receptor module layers was performed in identical conditions that were used for GFET sensor programming. Freshly prepared module layers were imaged first in the buffer solution (100 mM NaP, pH 7) in ScanAsyst mode using ScanAsyst-Fluid+ cantilevers for SiO 2 samples (the images are shown in SI) and Fluid cantilevers for Pt samples (Bruker, f 0 = 150 kHz, k = 0.7 N/m) with a scan rate of 1.6 Hz. After imaging in buffer, the module layers were rinsed gently with buffer and milli-Q water and dried under N 2. Samples were stored in a container under N 2 for 1 to 3 hours before imaging in dry state. Images of dry module layers were recorded in the ScanAsyst mode in air using ScanAsyst-Air cantilevers (Bruker, f 0 = 70 kHz, k = 0.4 N/m) with a scan rate of 1.6 Hz. These conditions were used also for the clean graphene surfaces. Re-wetting of module layers was carried out by placing buffer solution on the sample surface and starting imaging in buffer within 5 to 15 min. Imaging was performed as described above for the freshly prepared samples. Images were flattened to remove possible tilt in the image data, and no further image processing was performed. The NanoScope Analysis software (Bruker) was used for image processing and analysis.
Quartz crystal microbalance (QCM-D) measurements.
A QCM-D (E4, Biolin Scientific, Sweden) was used to measure the binding of HFBI -Protein A and HFBI-Z E modules on hydrophobic substrates, and the binding of the corresponding analytes to the receptor modules. Polystyrene coated 5 MHz quartz crystals were purchased ready-made at Biolin Scientific or spin-coated on gold coated crystals according to supplier's protocol. Binding on graphene was tested with CVD graphene transferred on the crystals. The crystals were rinsed with ethanol and MQ water and dried with N 2 prior to measurement. Buffer solution was 100 mM sodium phosphate at pH 7. In analysis, solution of HFBI-Z E or HFBI-Protein A diluted in the buffer (100 µg/ml, 500 µl) was pumped into the measurement chamber at 0.1 ml/min rate. The adsorbed layer was next rinsed with the buffer. Treatment was repeated, but additional binding was not detected. The analyte solution was then injected into the chamber and rinsed with the buffer to monitor selective binding.
Electrical measurements and fluidic set-up. All the measurements were performed using a single GFET. The sensor was analyzed using a fluidic chamber formed by mechanically clamping a cover to the sensor chip with an O-ring sealing. The polyether ether ketone (PEEK) cover had tubing for liquid inlet and outlet and for a Ag/AgCl reference electrode (1 mm diameter leak free reference electrode by Harvard Apparatus). The functionalization of the graphene channel was carried out using a similar cover without the electrode. A computer controlled syringe pump system was used to feed controlled amounts of protein and buffer solutions into the chamber. The liquid gate potential was controlled by applying a voltage to the Ag/AgCl reference electrode by a semiconductor parameter analyzer (HP4142B). The resistance of the graphene channel was measured in 4-point configuration using a lock-in amplifier with 100 nA AC-bias at a frequency of 11.433 Hz. The silicon substrate of the graphene sensor chip was grounded. The data has not been normalized.
Sensor analysis. Before each series of measurements the graphene surface was cleaned with 3 ml of acetone and ethanol and 10 ml of DI water. Then 3 ml of the buffer was introduced and the resistance of the graphene channel was recorded as a function of liquid potential after 25 min stabilization. The sensor was functionalized by flushing with HFBI-Z E or HFBI-Protein A solution (100 µg/ml) for 3 min at 0.3 ml/min flux. The surface was let to stabilize for 60 min, rinsed with the buffer solution for 5 min and dried with N 2 .
The fluidic chamber was replaced by a clean one and the sensor was rinsed again with the buffer and the channel resistance was measured. Sensitivity measurements were performed with the analytes described in the Receptor modules and analytes section above, with 1 min pumping and 25 min stabilization for each concentration. To test the effect of the buffer concentration on the sensitivity, the clean sensor was first measured in 10 mM and 100 mM NaP buffers. Then the sensor was functionalized with HFBI-Z E receptor modules as described above and measured in the 10 mM buffer and subsequently in the 100 mM buffer solution.
Results and discussion
Directed self-assembly and surface coverage. High surface coverage and packing density of the receptor modules are essential to obtain high sensitivity via optimal net affinity of the specific analyte and to prevent unspecific binding from the analyte medium. It has been shown earlier that HFBI proteins form a full dense monolayer on highly ordered pyrolytic graphite. 16 In this work we have investigated the surface coverage of the HFBI-Z E and HFBI-Protein A receptor modules formed by a single step directed self-assembly. The surface coverage was studied using AFM both in liquid and dry conditions. AFM images of a clean CVD graphene surface on platinum as well as both HFBI-Z E and HFBI-Protein A functionalized surfaces are shown in Figure 2 . The surfaces were imaged in wet state in sodium phosphate buffer immediately after the functionalization, after drying for a few hours in N 2 and finally after re-wetting in the buffer. Both receptor modules form a dense surface monolayer layer immediately after the functionalization. Drying can induce some cracks in the layer but after re-wetting in the buffer solution the module monolayer is healed and no cracks can be observed. The thicknesses of both dried HFBI-Z E and HFBI-Protein A layers are within 4 to 5 nm, which fits well to the thickness of a monomolecular layer of hydrophobins in the dry state. 27 The results are similar on graphene transferred onto SiO 2 and the corresponding AFM images can be found in the SI.
Quartz crystal microbalance measurements. The AFM results are further confirmed by the QCM analysis showing that the self-assembly of the HFBI-Z E modules on a hydrophobic polystyrene surface creates a rigid monolayer with surface coverage close to unity (see SI). The QCM data of self-assembly of HFBI-Protein A receptor modules on hydrophobic polystyrene surface and the subsequent response to introduction of IgG1 analyte are shown in Figure 3 . Figure 2 . Atomic force microscopy topography images of clean, HFBI-Z E and HFBI-Protein A receptor module layers on CVD graphene on platinum. a) Clean graphene surface on platinum before any functionalization. b) Surface after HFBI-Z E functionalization in 100 mM pH 7 NaP buffer, c) after drying in N2 and d) after re-wetting in the buffer. e) Surface after HFBI-Protein A functionalization in 100 mM pH 7 NaP buffer, f) after drying and g) after re-wetting in the buffer. For both of the receptor modules protein film shrinkage and possible mechanical forces during the drying tend to create cracks in the film but damage is healed in both cases after 5 min re-wetting in the buffer. The height profiles of the dried samples in the insets of figures c) and f) correspond to the red lines in the same figures. The thickness of both the dried HFBI-Z E and HFBI-Protein A layers is 4 to 5 nm, corresponding to a typical thickness of a monomolecular fusion protein layer after drying. The image size is 1 x 1 m 2 and height scale 15 nm in all the images. The Sauerbrey mass of the HFBI-Protein A monolayer corresponds to an average 3.2±0.2 nm spacing between the molecules (see SI). This agrees with the estimated diameter of the Protein A part of the HFBIProtein A fusion, 28 suggesting formation of a uniform and dense surface coverage, agreeing with the AFM results. From the QCM data the IgG1 binding ratio to the receptor modules was found to be roughly 50 -60 % at 8 nM analyte concentration (see SI for details). The HFBI-Protein A module binding on different hydrophobic surfaces such as polystyrene ( Figure 3 ) and CVD graphene transferred to the quartz crystal gave similar results, verifying the hydrophobicity-mediated adhesion (see SI).
Sensor response. Charged zipper peptide pair Z E -Z R was used to demonstrate the operation principle of the sensor. These peptides are well suited to test the operation and sensitivity due to their same but opposite charges and small size without hindering the formation of a uniform module monolayer on graphene, as shown in Figure 2 . The estimation of the charge states of HFBI protein and Z E and Z R peptides as a function of pH are shown in Figure 4a . HFBI has a nearly neutral net charge around pH 7 and the total charge of Z E and Z R are -7e and +7e, respectively. Consequently, the net charge of HFBI-Z E receptor module is expected to be -7 which will be compensated by the charge of the Z R analyte during binding by ionic bridging between the matching amino acids 25 . The Z R concentration of 10 µM is expected to provide an ideal 1:1 binding ratio with Z E (see SI).
The response of the sensor was measured with only buffer solution introduced, after in situ self-assembly of a HFBI-Z E module layer and after binding of the Z R analyte. After functionalization with HFBI-Z E receptor modules, the sensor was dried and the fluidic chamber was replaced with a clean one to avoid possible memory effects in the liquid feeding tubing. The shift of the Dirac peak and the corresponding relative change in the channel resistance arising from the functionalization and introduction of the analyte are plotted in Figures 4b and 4c , respectively. All the measurements were carried out in 100 mM sodium phosphate buffer at pH7. The shift of the Dirac peak towards more positive voltage indicates that the HFBI-Z E complex carries negative charge, (blue curve in Figure 4b ) consistent with the calculations shown in Figure 4a . Introduction of the peptide Z R in 10 M analyte solution (red curve in Figure 4b 
The dynamic range of detection was found to extend from 10 fM at least up to 10 µM analyte concentration. Already 10 fM analyte concentration induced a saturated response of 2 % in the relative change of the channel resistance at constant V L , an order of magnitude higher than the noise level in the measurement. The detector response was fast, typically less than 1 s, reflecting the immediate receptor-analyte binding process (see the bottom inset in Figure 4d ). After the initial response, the stabilization to the biological equilibrium can be affected by curls in the fluidic chamber and mobile charges in the sensor substrate. At very low analyte concentration the association rate is strongly limited by the finite mass transport in the buffer. 29 The response of HFBI-Protein A receptor module functionalization to IgG1 analyte was investigated in the same way as with the HFBI-Z E module and Z R analyte. The response was measured using the same GFET device after in situ solvent cleaning followed by functionalization with the new receptor modules. Again, the modules form a full monolayer on graphene by self-assembling, as shown in Figures 2e, 2f , and 2g. Binding of the HFBI-Protein A receptor module was found to induce a negative shift of the Dirac peak, and the subsequent IgG1 binding further increased the shift, indicating detection of positive charge in both cases. The exact charge of IgG1 is not known. The shift of the Dirac peak and the corresponding change in resistance are shown in Figures 5a and 5b. The sensor sensitivity and the related calibration curve at liquid potential V L = 75 mV are shown in Figure 5c . A response of about 3 % in the relative change of the channel resistance was obtained at the lowest concentration of 80 fM and the dynamic range was found to extend at least up to 80 nM concentration which was the highest concentration tested. The temporal response of HFBIProtein A to IgG1was similar to the HFBI-Z E Z R system, i.e., fast initial response and slower saturation.
The selectivity of the sensor was studied by functionalizing the graphene surface with HFBI -Z E receptor modules and using 80 nM IgG1 analyte. IgG1 analyte showed less than 1 % response compared to the 42 % response in R/R with 10 µM Z R analyte. In addition, the selectivity was tested using clean graphene channel with no functionalization and also with HFBI anchor protein monolayer functionalization. The response was measured with 10 µM Z R analyte. Both of the non-functionalized and GFET functionalized only with HFBI proteins gave an order of magnitude smaller shift of the Dirac peak than the sensor with HFBI -Z E module functionalized surface. Data for selectivity measurements is shown in SI. The measured sensitivity is rather surprising taking into account that the measurements were performed in high ionic strength buffer. The polarizability of the buffer liquid leads to screening of the charge of the analytes, which will limit the sensitivity of the GFET, and consequently, the structure of the immobilized layer has an important role in optimizing the performance of the sensor. 30 Hydrophobins are 3 nm tall 13 and they self-assemble into a dense molecular monolayer on hydrophobic surfaces (see Figure 2) . The liquid content remaining inside these layers has been estimated to be only in the range of 10 -30 %. 31 It is not precisely known how the ionic screening occurs in such a system. The confinement and the small amount of liquid in the protein layer most likely reduces the overall polarizability. 32 Therefore it can be expected that the double layer formation by mobile ions in the liquid takes place mainly above and in between the proteins of the receptor modules, with some contribution arising from the volume of mobile liquid inside the proteins. The effective detection range and the charge sensitivity were investigated with the HFBI-Z E receptor module monolayer at low analyte concentrations and in two different buffer strengths. The Z E peptide is linked to the N-terminus of HFBI, which is located in the upper half of the HFBI as illustrated in Figure 6 . Each of the Z E charges, distributed evenly along the 5 -6 nm alpha helix, 33 has a different effect on the resistance of the graphene channel due to the different distance and different screening. The sensitivity to the Z E charges at 100 mM buffer indicates the effective detection range to be of at least 2.5 nm. When the Debye length in the buffer was tripled to 2.1 nm by decreasing the ionic strength of the buffer to 10 mM, the sensor response increased 6 % due to a 25 % (6 mV) larger shift of the Dirac peak (see SI for the data), showing that screening plays a role but the effect is not directly proportional to the Debye length in the bulk of the buffer. Due to the sensitivity to the Debye length, it is expected that the there are certain limitations in the applicability of the sensor at very high ionic strengths. However, a measurable signal for selective detection at conditions close to physiological conditions was obtained. Figure 6 . Illustration of the sizes and the relevant length scales related to the response of the sensor. The nominal Debye lengths in 10 mM and 100 mM buffer solutions are shown by red bars. The effective detection distance from the graphene surface found in the measurements is much larger than the bulk solution Debye lengths.
The case of HFBI-Protein A receptor module and IgG1 analyte is more problematic. Protein A is larger molecule than HFBI and steric hindrance during self-assembly can affect the formation of the receptor layer on the graphene channel. However, as shown by the AFM images in the Figure 2 and by the QCM results, the HFBI-Protein A receptor modules form a dense monolayer and the reasoning of reduced screening should apply also here, extending the detection range of the charge carried by the large biomolecules. The size of the fusion receptors suggests the distance of the binding site of IgG1 to be at least 5 nm from the graphene surface, which is in accordance with layer thicknesses estimated from QCM and the AFM data. This is again significantly larger than the sub-nanometer Debye length in the buffer solution. The IgG1 molecules are large (~15 nm) and the sensor is expected to detect only part of the charges of the molecule. The net charge of the IgG1 molecules at pH 7 is positive (pI 8 -9.5), which is consistent with the measured response. The amount and location of the charge within the IgG1 molecule is not known and the orientation of the molecule can depend on the binding ratio to Protein A. At low analyte concentrations the IgG1 molecules have enough space to lie down on top of the Protein A layer, but at high binding ratios these molecules are probably standing perpendicular to the surface due to the Coulomb repulsion forces. The limited volume of liquid inside the dense IgG1 molecule layer might enhance the effective detection range at high analyte concentrations. However, the experimental data shows that the GFET functionalized with the receptor module monolayer has high sensitivity even for large molecules in strong ionic buffer, is label-free and selective. The conditions chosen for the study simulate the blood plasma, showing the applicability of the technology for blood analytics. At neutral pH, the hydrophobin layer has neutral or slightly negative charge which repels negatively charged albumins and fibrinogen and therefore suits perfectly for a passive layer for supporting the actual sensing motifs.The sensing group itself is specific for binding of the analyte, which limits the risks of false positive responses.
Conclusions
In this work we have demonstrated the concept of a modular and programmable label-free biosensor. The receptor modules, consisting of an anchor for immobilization and receptor for recognition, are separately produced by biological fusion and pre-purified before use. The receptor moiety can be selected to match the analyte to be detected, and the anchoring moiety is always the HFBI hydrophobin protein. It is shown that the receptor modules form a dense oriented monomolecular layer by a single step directed self-assembly on the graphene channel of the GFET used for charge detection. Because most of the biological molecules carry charge, specific labelling is not required. The GFET provides very high charge sensitivity and is fabricated by rather standard microelectronics processing techniques, facilitating mass production of the sensors. The sensitivity of the biorecognition in both model systems is high, with 3 % response recorded for below 100 fM analyte concentrations in high ionic strength buffer. The potential to build in selectivity is demonstrated by cross-checking with immunoglobulin analyte and a sensor functionalized with receptor modules for peptide analyte, resulting an order of magnitude smaller shift in the position of the Dirac peak and, consequently much smaller ΔR/R response with the IgG1 analyte compared to the peptide analyte. However, several challenges remain to be solved when working with real samples due to their complexity. It is shown that the same device can be programmed to detect different analytes by changing the receptor module layer in situ. The possibility to dry the receptor module layer on the sensor without compromising the performance will be essential for pre-programmed sensor assays in point-of-care applications exploiting disposable sensor chips.
